This paper presents a simple-to-construct, low dead volume pump capable of generating a wide range of positive and negative pressures for microfluidic applications. The pump generates pressure or vacuum by changing the volume of air confined inside a syringe and is able to generate pressures between Ϫ95 and +300 kPa with a resolution as high as 1 Pa. Different from syringe pumps and electrokinetic pumping, which are capable of controlling flow rates only, our pump can be used to generate constant flow rates or constant pressures, which are required for certain applications such as the aspiration of biological cells for biophysical characterization. Compared to syringe pumps, the new pump has almost zero dead volume and does not exhibit pulsatile flows. Additionally, the system does not require electrical power and is cost effective ͑ϳ$100͒. To demonstrate the capabilities of the pump, we used it to aspirate osteoblasts ͑MC3T3-E1 cells͒ and to determine Young's modulus of the cells, to generate a concentration gradient, and to produce variable-sized droplets in microchannels using hydrodynamic focusing.
I. INTRODUCTION
Pumping is indispensable for microfluidic applications, such as culturing cells inside microchannels, 1 separating a mixture of analytes, 2 amplifying DNA fragments, 3 sorting cells 4 or isolating them, 5 controlling drug delivery to individual cells, 6 or synthesizing particles inside microchannels. 7 Consequently, the development of pumps has received and will continue to receive significant attention in microfluidic research.
The various pumping methods in microfluidics can be classified into on-device pumps and external pumps. In the former category, micropumps are integrated in the microfluidic device and are fabricated with the device itself. This category includes piezoelectric, thermal, electrohydrodynamic, electrostatic, rotary, and acoustic micropumps, among others. 8 Although on-device pumps increase device portability, integrating pumping components ͑e.g., diaphragms, actuators, valves, and heaters͒ on the device significantly increases fabrication complexity and device cost. Since most microfluidic devices are made to be disposable to reduce contamination across samples, on-device pumping is not always an attractive choice.
The second category, external pumping, includes mainly electro-osmotic pumping and syringe pumps. Electro-osmotic pumping exploits ions accumulated in the electric double layer when a liquid comes into contact with channel walls. When an electric field is applied between two electrodes in the channel inlet and outlet reservoirs on the device, the ions in the electric double layer are attracted toward the opposite polarity electrode, hence inducing a net flow in the microchannel. 9 Electro-osmotic pumping can induce and control the flow with no moving parts; however, it suffers from bubble generation due to electrolysis at the electrodes, which may cause channel blockage. Moreover, electro-osmotic flow requires high voltages ͑e.g., kilovolts͒ to induce significant flow rates, which can result in significant Joule heating. Expensive high-voltage sequencers are typically used for electro-osmotic pumping, increasing the complexity and capital cost associated with the setup.
Syringe pumps are relatively cheaper compared to electro-osmotic pumping setups. However, they involve large dead volumes in the syringe and tubing. This large dead volume compromises the advantage of reduced sample and reagent consumption in microfluidic devices. In addition, syringe pumps are prone to producing pulsatile flows at low flow rates. 10 This paper reports a simple-to-construct system for pumping liquids in microchannels. The pump relies on pressure rather than forced displacement to drive liquids in microchannels. This technique was previously used in stop-flow lithography 11 using external pressure sources and regulators. Pressure-driven pumping was also implemented using electrolysis gases produced on-chip, 12 ,13 a pressurized gas in a microcavity, 14 and capillary pressure inside microdroplets. 15 In our pumping system, pressure is produced by changing the volume of air confined inside a syringe, which is simpler and more predictable compared to the aforementioned pressure-driven methods. Besides the capability of producing positive pressures, our method is also capable of producing vacuum, which is useful in some applications such as bubble elimination. 16 Moreover, using pressure to drive liquids in microchannels results in almost zero dead volume and does not exhibit pulsatile flows, which are two limitations of conventional syringe pumps. To demonstrate the effectiveness and versatility of our proposed pumping system, we demonstrated its usage in several microfluidic applications, including micropipet aspiration of biological cells, droplet generation in microchannels, and the generation of a concentration gradient.
II. EXPERIMENTAL METHODS

A. System setup
The pump consists of a plastic syringe connected to a microfluidic device ͑via 1/16 in. Tygon tubing͒ through an intermediate tank, which controls the initial system volume and thus changes pressure resolution and range ͓Fig. 1͑a͔͒. Different syringe sizes can be used to allow for course or fine tuning of the pressure. We used two 60 ml plastic syringes as a variable size tank to allow for a wide range of resolutions from the same setup by tuning the tank volume. However, larger or smaller containers can be used to further increase the resolution or pressure range, respectively. Syringes were mounted on an off-the-shelf threaded corner-clamp to facilitate fine changes to syringe volume. The clamp also helps hold the syringe plunger in its place against generated pressure/vacuum for steady pressure generation. Tubing was connected to syringes via barbed-luer connection adapters ͑McMaster-Carr, Atlanta, GA͒ to allow for fast assembly/disassembly. A luer connection valve was added to the system to enable fast system venting. An optional pressure sensor ͑D1-4V 10 INCH, $100, All Sensors, Morgan Hill, CA͒ was incorporated into the system to measure the actual generated pressures and compare it with theoretically predicted values.
B. Pump operation
To achieve certain pressure range for a particular application, first the tank volume is chosen according to the analysis in the results section. Generally speaking, a smaller tank volume corresponds to larger pressure range and vice versa. In the setup shown in Fig. 1͑a͒ , two 60 ml syringes are used as a tank to have the ability to change tank volume without the need of changing the tank itself. Second, a proper syringe size is chosen to achieve the required resolution, which depends on the size of the smallest division on the syringe relative to the tank volume ͑the smaller the syringe volume, the higher the resolution; see Sec. III for a complete analysis͒. Since resolution is also dependent on tank volume, a compromise between high range and high resolution exists. After the proper syringe and tank sizes are chosen, the syringe is mounted on the threaded clamps and is connected to the tank via 1/16 in. tubing as shown in Fig. 1͑a͒ . Rotating the knob where the syringe is mounted causes the volume in the system to change in small increments, ⌬V in Fig.  1͑b͒ , which consequently changes the pressure of the system. If pressure needs to be measured, a FIG. 1. ͑a͒ Picture of the pumping system with a pressure sensor included for system characterization. Two 60 ml syringes were used as a tank to allow for easy changes in tank volume. However, larger/smaller containers can be used as a tank to increase range/resolution, respectively. The pressure sensor ͑powered using a standard 5 V adapter through a bread board͒ is optional and was used to compare generated pressures with theoretical calculations. Sensor output span was 4 V ͑linearly proportional to pressure͒ and was measured using a conventional multimeter. ͑b͒ Working principle with variables used in Eq. ͑2͒.
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C. Flow measurements
For flow rate measurements, the syringe plunger position was set to generate certain vacuum pressure according to the analysis given in Sec. III. The actual generated vacuum was measured using the pressure sensor and was used to pump 1 m diameter FITC fluorescent beads ͑Bangs Laboratories, Fishers, IN͒ suspended in methanol ͑ = 0.58 mPa S͒ inside a microchannel ͑140 m wide, 25 m high, and 30 mm long͒. The speed of the FITC beads was measured by increasing the exposure time to visualize streaks of the beads as they flow in the channel. Speed was calculated by dividing the streak length by the exposure time. Average flow rate was calculated from the maximum speed at the channel centerline using the following equation 17 for channels with height to width ratio ␣ Ͻ 0.5:
where u is liquid velocity at any location in the channel, u av is average liquid velocity, b is the channel height, a is the channel width, y and z are the two coordinates measured from channel centerline along channel height and width, respectively, and m and n are two numerical factors calculated according to
D. Micropipet aspiration of osteoblasts
Conventional micropipet aspiration experiments were conducted on osteoblasts ͑MC3T3-E1͒ cells using the proposed pump to verify its capacity for high resolution vacuum generation. A borosilicate glass micropipet tip ͑5 m diameter͒ was held by a micromanipulator ͑Sutter Instrument Co., CA, USA͒ mounted on an inverted phase-contrast microscope. The micropipet was connected ͑via 1/16 in. tubing͒ to the pump where the tank volume used was 120 ml and a 1 ml syringe with visible divisions of 0.01 ml was used to generate the vacuum. The resolution generated from the setup was 8 Pa with a range of 0-͑Ϫ730͒ Pa.
First, the micropipet tip was immersed inside a droplet of culture media with no cells for a few minutes to stabilize capillary rise into the pipet tip. A second droplet of culture medium with cells was added to the droplet after the system was stabilized. Then, the tip was positioned close to the surface of a target cell, and a small negative pressure ͑20-50 Pa͒ was applied in order to immobilize the cell and to form a complete seal. From this reference state, subsequent suction pressures, in increments of 16 Pa, were then applied and images of the aspirated cell were captured from which the aspiration length and pipet diameter were measured. Young's modulus values of the aspirated cells were determined by using common biomechanics models that approximate the cell as an elastic half-space solid. 18, 19 
E. Concentration gradient
To generate a concentration gradient, red and green food dyes were loaded into the inlet reservoirs of a gradient generator device. 20 A vacuum pressure of 15 kPa ͑tank size= 11 ml and syringe displacement= 2 ml͒ was applied at the outlet, pulling the two dyes through the branches of the microchannel network and resulting in a seven-step concentration gradient at the outlet channel.
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F. Droplet generation
Water droplets ͑aqueous phase͒ were generated in a continuous phase of silicone oil ͑DMS-T01, viscosityϭ1 cSt., Gelest, Inc., Morrisville, PA͒ using a hydrodynamic focusing device similar to one reported previously. 21 First, the whole device was filled with silicone oil, and a pressure of 20 kPa ͑V total = 60 ml and plunger displacement= −10 ml͒ was applied on the two side reservoirs to generate oil flow in the downstream channel. Water was then added to the center channel reservoir, and a pressure of 100 kPa ͑V total = 60 ml and plunger displacement= −30 ml͒ was therein applied to generate a stream of water along the center of the downstream channel. Tween 20 ͑Sigma-Aldrich, Oakville, ON͒ can be added to the water stream as a surfactant, at low concentrations ͑e.g., 1.75% v/v͒, to facilitate breaking of the water-oil interface. Oil flow rate in the side channels was then increased by increasing the applied pressure on oil reservoirs to 114 kPa ͑V total = 60 ml and plunger displacement= −32 ml͒ to pinch the water stream into discrete droplets. Smallest droplet size ͑see results section͒ was achievable with a pressure of 300 kPa ͑V total = 60 ml and plunger displacement= −45 ml͒ applied on the oil reservoirs.
III. RESULTS AND DISCUSSION
Any change in the volume of a confined gas produces a change in its pressure according to the equation of state. Assuming an isothermal process, the change in pressure of an ideal gas is inversely proportional to its volume according to
where P is the absolute pressure, V is the volume of the confined gas, and C is a constant that can be calculated from the initial pressure and volume values. Assuming that the initial volume of our system is V total , which comprises the volume of the tank, the tubing, and initial volume on the syringe ͑V total = V tank + V tubing + V syringe,initial ͒, and that the initial pressure is atmospheric pressure ͑P atm ͒, then the gauge pressure of the system after a volume change ͑⌬V͒ can be calculated from
where ⌬V is positive for increase in volume. The generated pressure from the proposed pump agreed quite well with Eq. ͑5͒ ͓Fig. 2͑a͔͒, with a maximum error less than 6% and always in the direction of increasing the absolute value of the generated pressure. This error was possibly produced by the increase in air temperature due to the heat generated from the friction between the syringe plunger and its barrel, which deviates from the isothermal process assumption of Eq. ͑4͒. This was clearly demonstrated when we tested the system hysteresis, which showed a total increase in the system pressure when the plunger returned to its original starting point ͑supplementary material, Fig. S1͒ . 22 Heat generation and corresponding pressure error can be mitigated by choosing a proper tank or syringe size to allow for generating the required pressure with shorter plunger displacement. Nonetheless, the changes in air temperature due to plunger friction had negligible effects on the generated pressure at typical pressure ranges required for microfluidic applications. Generated pressures were highly reproducible ͓largest standard deviation in Fig. 2͑a͒ is Ϯ600 Pa͔, suggesting that the integration of a pressure sensor into the system is not crucial since the required pressures can be generated with high accuracy ͑less than 6% error͒ by calculating the corresponding values of V total and ⌬V. The system can also support applications requiring instantaneous changes in pressure ͑e.g., micropipet aspiration͒ with both the resolution and pressure range adjustable by choosing the right tank volume and syringe size ͑which specifies the smallest achievable volume change ⌬V͒. With a 1 ml syringe ͑0.01 ml divisions͒ and a tank volume of 1 l ͑a water bottle͒, a resolution of 1 Pa is achieved.
Although the proposed pump generates constant pressures rather than constant flow rates, which are more commonly used in microfluidic applications, desired flow rates can still be accu-
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where Q is the flow rate, ⌬P is the pressure difference between microchannel ends, D h is the hydraulic diameter of the microchannel connecting the two reservoirs, is the liquid viscosity, L is the channel length, and C is a constant depending on the channel cross section ͑C = 64 for circular channels, and C = 78 for channels we tested͒. 23 This means that any desired flow rate can FIG. 2. Pump performance. ͑a͒ Vacuum pressure range of Ϫ35 kPa with a resolution of 0.9 kPa. Error bars appear inside data markers and present Ϯ1 standard deviation. ͑b͒ Flow rate inside a microchannel vs applied pressure. Blue marks represent theoretically calculated flow rates, according to Eq. ͑6͒, from vacuum pressures generated by induced volume changes on the syringe, according to Eq. ͑5͒. Red marks are actual flow rates measured inside the microchannel. Horizontal error bars represent Ϯ1 standard deviation in the generated pressure, whereas vertical error bars represents Ϯ1 standard deviation in measured flow rate.
046501-6 Moscovici et al. Biomicrofluidics 4, 046501 ͑2010͒
be translated to a pressure difference, which can be directly generated using the proposed pump ͓Fig. 2͑b͔͒. An advantage of using constant pressures to generate desired flow rates is the absence of the pulsating flow phenomenon as in the use of syringe pumps 10 since flow is generated due to a constant pressure rather than a frictional plunger movement driven by a stepper motor as in syringe pumps.
Since the tubing and syringe in the proposed pump are not filled with the liquid being pumped, the system have zero dead volume, which is defined herein as the volume of liquid left over in the syringe and tubing. At the beginning of an experiment, the amount of liquid desired to be pumped is sucked into the free end of the tubing before it is connected to a microfluidic device. All liquid aspirated into the tubing can be pumped into the microfluidic device.
Since liquid volumes pumped in microfluidic devices are typically of the order of microliters, the displacement of the liquid will not realistically change the volume of the air trapped inside the system; thus, the pressure applied will remain constant throughout the pumping process. Nonetheless, the pump can still deliver large liquid volumes for relevant applications by properly choosing tank volume and syringe size. For example, using a 500 ml tank ͑e.g., a small water bottle͒ and a 60 ml syringe, liquid volumes as large as 5 ml can be discharged with a change in pressure less than 10%.
The flow rate generated in microchannels using the new pump followed Eq. ͑6͒ satisfactorily with a maximum error of 11% ͓Fig. 2͑b͔͒. This error in flow rate combines both the error in the generated pressure discussed above and the error in flow measurement, which was performed by tracing fluorescent beads flowing inside the channel. As expected, flow rate was steady throughout the pumping process and did not exhibit any pulsatile behavior.
When compared to existing micropumping methods, our pump demonstrated competitive performance in terms of pressure range, resolution, and flow rate as summarized in Table I . Being electrical power free and being of low cost are additional advantages of the system.
A. Micropipet aspiration
Micropipet aspiration is a common technique used for mechanical characterization of single cells, which could be used as a biomarker for the onset of some diseases such as malaria, sickle Number shown is for a channel of 10 cm length. Flow rate varies with pressure and channel geometry by Eq. ͑6͒.
046501-7
Simple and versatile microfluidic pump Biomicrofluidics 4, 046501 ͑2010͒ cell anemia, and cancer. 19 In micropipet aspiration, a micropipet ͑few microns in diameter͒ is positioned adjacent to the cell, and a light vacuum pressure ͑in the order of hundreds of pascals͒ is applied such that the cell is aspirated into the micropipet. The elongation of the cell into the pipet due to the suction pressure is used, along with the pressure applied, to determine the Young's modulus of the cell. 19, 24 We used the proposed pump to aspirate osteoblasts ͑MC3T3-E1 cells͒ into micropipets to calculate its Young's modulus ͓Fig. 3͑a͔͒. We used tank and syringe volumes of 120 and 1 ml, respectively, which allowed us to produce a pressure range of 730 Pa with a resolution of 8 Pa. This high resolution permitted fine measurement of the aspiration length under different pressures without lysing the cells ͓Fig. 3͑b͔͒. The relationship between aspiration length and applied vacuum pressure was linear, as predicted by the half-space model. 18 The Young's Modulus of the osteoblast cells was calculated to be 555Ϯ 183 Pa ͑n = 10 cells͒, which is in agreement with previously reported values.
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B. Generation of a concentration gradient
Generating concentration gradients is important for studying many phenomena such as chemotaxis in cell biology and nucleation and growth of crystals in surface chemistry. 20 The dominance of laminar flow in microfluidic devices made it relatively easy to generate concentration gradients of different shape. 26 We used the new pump to generate a concentration gradient inside a 1300 m wide channel ͓Fig. 3͑c͔͒. Instead of applying two equal pressures on the two FIG. 3 . ͑a͒ Video frames ͑top to bottom͒ depicting micropipet aspiration and release of an MC3T3-E1 cell. ͑b͒ Variation of the cell aspiration length inside the micropipette against applied vacuum pressure. Error bars are Ϯ1 standard deviation ͑n = 10 cells͒. ͑c͒ Generating a concentration gradient using two food dyes ͑red and green͒. ͑i͒ A negative pressure of 15 kPa was applied at the outlet ͑marked with a dashed box͒. ͑ii͒ Zoomed-in view of the output channel showing the gradient generated. ͑d͒ Generation of water droplets in a continuous phase of silicone oil inside a cross-shaped microchannel. Values of applied pressure on each inlet branch are indicated on the three panels.
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reservoirs holding the dyes, we applied a vacuum of 15 kPa ͑total volume= 10 ml and syringe displacement= 2 ml͒ at the device outlet, which generated equal flow rates for both dyes since the hydrodynamic resistances of the device two branches were the same due to device symmetry. 27 Applying vacuum to induce the required flow has the advantage of using one pump to deliver different reagents instead of dedicating one pump for each reagent.
C. Droplet generation
Multiphase flow in microchannels offers a new set of advantages besides those seen in single phase flow, such as faster mixing, enhanced heat and mass transfer, and reduced dispersion. 28 Additionally, droplet generation in microfluidic devices has been used for single cell analysis, 4, 29 electrophoretic separation, 30 and DNA analysis. 31 To further demonstrate the capabilities of the pump, we used it to generate water droplets in a continuous phase of silicone oil through hydrodynamic focusing of a stream of water in a cross-shaped microchannel ͓Fig. 3͑d͔͒. Droplet size in our experiments was easily controlled by changing the pressure applied on ͑and hence the flow rate of͒ the oil phase as seen in panels ii and iii of Fig. 3͑d͒ . Using the same hydrodynamic focusing device, we were able to focus a stream of a miscible dye ͑supplementary material, Fig.  S2͒ , 22 which is useful in various microfluidic applications such as selective delivery of small molecules into biological cells 6 and low-voltage electroporation of cells.
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IV. CONCLUSION
The pressure-driven pumping system presented in this paper does not require electrical power. It costs less than $50 without a pressure sensor or $150 with a pressure sensor and can be built within a few minutes from off-the-shelf components. The pump is capable of accurately generating a wide range of positive and negative pressures with high resolutions for microfluidic applications. The use of constant pressures to generate flows in microfluidic devices, instead of displacement pumps ͑e.g., syringe pumps͒, has the advantages of zero dead volumes, smooth continuous flow rates, and being compatible with pressure-sensitive applications such as micropipet aspiration and mechanical stimulation of cells. The capacity of the pump was demonstrated by performing micropipet aspiration of osteoblasts to determine their Young's modulus values, realizing a concentration gradient, and generating microdroplets of water in a continuous oil phase.
